I. INTRODUCTION
Flow cytometry is a powerful, high-throughput tool that can perform both quantitative and qualitative multi-parametric analyses of individual cells. [1] [2] [3] [4] [5] [6] [7] [8] In a typical flow cytometer, the cell sample is injected through the inner tube of a coaxial channel, while sheath flows from the outer tube compress the sample flow to form a single-file stream of cells, a process known as "hydrodynamic focusing." [9] [10] [11] [12] [13] [14] [15] [16] [17] The focused cells pass through a laser beam, generating three types of output optical signals: forward scatter (FSC), side scatter (SSC), and fluorescence (FL). FSC is the light deflected by a cell at a small angle (2 -20 ) relative to the input laser beam. The intensity of the FSC signal is indicative of the size and refractive index of the cells. SSC is the light diffused in all directions due to cellular granularity. FL is normally collected using the same optics as SSC and is later split to different detectors based on the light frequency. Each of these detection signals (FSC, SSC, and FL) is eventually processed to identify individual cells in a mixed cell population based on cell size, granularity, and various fluorescence markers. [18] [19] [20] [21] [22] [23] In the past few decades, flow cytometry has undergone remarkable advancements. It has quickly become the method of choice for a wide variety of biological studies and clinical applications, including aiding in the diagnosis of potentially fatal diseases such as leukemia, 24, 25 human immunodeficiency virus (HIV), [26] [27] [28] and assessing cellular phenotypes prior to and a) X. Mao and A. A. Nawaz contributed equally to this work.
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1932-1058/2012/6(2)/024113/9/$30.00 V C 2012 American Institute of Physics 6, 024113-1 during the course of therapeutic interventions. [28] [29] [30] [31] [32] [33] The full potential of flow cytometry as a clinical diagnostic tool has yet to be realized and is still in a sustained rapid development process. Its current high cost, bulky size, mechanical complexity, and need for highly trained personnel have limited the utility of this technique. As a result, clinical flow cytometry assays have been relegated to well-equipped, centralized laboratories. [34] [35] [36] [37] [38] [39] In order to overcome the limitations of conventional flow cytometry systems, researchers have made significant efforts to developing microfluidics-based miniature flow cytometry devices that could be more accessible and affordable for research laboratories and clinics. 10, 12, [40] [41] [42] [43] [44] [45] [46] [47] [48] [49] [50] [51] [52] [53] In these approaches, the key is to develop microfluidic structures to focus particles/cells three-dimensionally. [54] [55] [56] [57] [58] [59] [60] [61] [62] [63] [64] [65] To this end, we developed a three-dimensional (3D) hydrodynamic focusing technique called "microfluidic drifting." 10, 13 By utilizing the Dean flow 65, 66 in a curved microfluidic channel, "microfluidic drifting" enables 3D hydrodynamic focusing in a single-layer planar microfluidic device that can be readily fabricated via standard soft-lithography. 67 In the miniature flow cytometer we previously developed, 13 we integrated the "microfluidic drifting" based 3D hydrodynamic focusing device with an off-chip laser-induced fluorescence detection system to demonstrate a prototype miniature flow cytometer that could detect fluorescence from individual particles.
In this article, we report another major advancement: the demonstration of a single-layer flow cytometry chip that has both 3D particle focusing and multi-parametric detection components integrated on-chip. This on-chip flow cytometer employs a fiber optic-based, on-chip detection system that can be seamlessly integrated with our "microfluidic drifting" 3D particle focusing unit in a single-layer planar microfluidic device. In addition, the flow cytometer presented in this work can achieve multi-parametric detection; that is, the device detects all three of the optical output signals (FSC, SSC, and FL) from individual particles simultaneously. Our device offers a significant size reduction and a simple fabrication procedure, not to mention a reduction in required cell sample and reagent volumes, all of which contribute to the drastically reduced device cost.
II. DEVICE FUNCTION
The configuration of the flow cytometry chip is shown in Fig. 1 . The device includes two major components: the fluidic module and the optical fiber-based on-chip detection module. 
A. Microfluidic drifting based 3D hydrodynamic focusing
The fluidic module uses "microfluidic drifting" for 3D particle focusing within a singlelayer microfluidic device. The versatility of this technique lies in its simplicity and ease of fabrication. As illustrated in Fig. 1 , in the first step (insets 1 to 3), the particle flow and vertical-focusing sheath flow are injected side-by-side from inlets A and B, respectively. The two flows converge and enter the 90 curve. In the curve, the induced Dean flow (inset 2), characterized by double-ring vortices in the cross-sectional plane, sweeps the particles from the top and bottom of the channel toward the center plane of the channel. This step is termed as "microfluidic drifting" and effectively focuses the flowing particles in the vertical direction (inset 3). In the second step (insets 3 to 4), the particles are pushed into a single line by the horizontal sheath flow C and D. Thus, this two-step procedure results in 3D focusing of the particles within a single-planar microfluidic channel.
The diameter of the focused stream was measured to be $20 lm. 13 However, by optimizing the flow conditions and geometry of the microfluidic channel, the diameter of the focused particle stream can be reduced. This can be achieved by (1) decreasing the ratio between the particle flow rate and vertical-focusing sheath flow, and (2) altering the channel geometries (e.g., changing the aspect ratio of the channel or the length of the main curved channel).
B. Optical detection
As shown in Fig. 1 , the fiber-based on-chip detection module includes four optical fibers: the input fiber and three detection fibers. The input fiber has a small numerical aperture (NA) and is inserted perpendicular to the channel to deliver the excitation light to the focused cell stream. The excitation light is generated by an argon laser (488 nm) and coupled to the input fiber via a fiber coupler. The three detection fibers are arranged around the main channel at different angles so that the FSC, SSC, and FL signals can be simultaneously detected. The FSC fiber is fixed at 20 from the direction of propagation of the excitation laser beam to collect forward-scattering light from the excited particles without collecting the directly transmitted light. The SSC and FL fibers are arranged 60 and 120 from the direction of propagation to collect the side-scattered light and fluorescent emission, respectively. The detection angle and the distance of the optical fibers from the main channel were optimized for detection and are similar to those in conventional flow cytometers. The collected FSC, SSC, and FL signals are transmitted through their designated fibers and a band-pass filter (488 nm filter for FSC and SSC, and 532 nm filter for FL) before they are detected by Photomultiplier tubes (PMTs). Fig. 2(a) is an optical image taken of the integrated and assembled flow cytometry chip, whose size is comparable to a U.S. quarter. Fig. 2(b) shows a microscopic image illustrating hydrodynamic focusing due to the horizontal-and vertical-focusing sheath flows. Fig. 2(b) also shows the arrangement of the input fiber and the three detection fibers around the fluidic channel.
III. METHODS
A. Device design and fabrication Fig. 3 shows a schematic of the fabrication procedure for the flow cytometry chip. The procedure includes four steps: (a) fabricating a polydimethylsiloxane (PDMS) layer for fluidic channels and fiber-insertion channels, (b) sealing the PDMS layer with a glass substrate, (c) inserting fluidic tubings into the microfluidic chip, and (d) inserting optical fibers into the microfluidic chip. Each inlet (vertical sheath flow and sample) is 80 lm in width. These inlets merge together forming the main channel of 167 lm width, while the side sheath flow inlets also measure 167 lm in width. The single-layered microfluidic chip was fabricated from PDMS using a standard soft lithography technique. [67] [68] [69] [70] [71] [72] [73] [74] [75] The master mold was made via deep reactive ion etching (DRIE) of a silicon wafer to a depth of 129 lm, thus maintaining a width to height ratio of roughly 4:3. To facilitate the removal of the cured PDMS from the mold, the surface of the mold was silanized by 1H,1H,2H,2H-perfluorooctyl-trichlorosolane vapor. We used a Harris unicore punch (0.75 mm) to make holes for the fluid inlets and outlets in the PDMS channel and used polyethylene tubings for the inlet and outlet flows.
B. Optical methods
We used the following optical fibers in our experiments: (1) single-mode input fiber (Thorlabs S405, core diameter ¼ 2.9 lm, cladding diameter ¼ 125 lm, and NA ¼ 0.14); (2) three multi-mode detection fibers (Thorlabs AFS105.125Y, core diameter ¼ 105 lm, cladding diameter ¼ 125 lm, and NA ¼ 0.22). The input fiber has a relatively small NA (0.14), so that the excitation laser beam does not expand significantly (angle of light cone $16 with width of $25 lm at the detection point) by the time it reaches the detection point; this eliminates the need for onchip lenses for light focusing. The NA of the three detection fibers is relatively large (NA ¼ 0.22), so that a higher light-collection efficiency is achieved. Three PMTs (Hamamatsu 6780-20) were driven by a homemade control circuit where their gains could be individually controlled. The PMT signals were first amplified with a high-frequency amplifier (Hamamatsu C6438-01) and recorded using a digital oscilloscope (Tektronix DPO400). The height of the channel was set at 129 lm so that fibers with a diameter of 125 lm could be inserted in the fiber-insertion channels (Fig. 2(b) ).
C. Sample preparation
Fluorescent (dragon green, excitation ¼ 480 nm, and emission ¼ 520 nm) polystyrene microparticles with two different nominal diameters of 7.32 lm (particle #1) and 15.5 lm (particle #2) were purchased from Bangs laboratories. These two sizes were carefully selected to cover the size range of human blood cells (e.g., lymphocyte $7-8 lm and monocyte $14-17 lm). The experiments were performed with a 1:1 mixture of particles #1 and #2. The mixed particles were diluted in a 0.01% sodium dodecyl sulfate (SDS) solution to a final concentration of $3 Â 10 6 particles/ml and sonicated for 10 min prior to experiments to prevent particle aggregation.
IV. RESULTS AND DISCUSSIONS

A. Multi-parametric detection of fluorescent microparticles
The performance of the flow cytometry chip was characterized using commercial fluorescent microparticles. The particle solution was injected through the particle inlet A at a flow rate , whereas the vertical-focusing sheath flow rate was 370 ll min À1 (inlet B) and the horizontal-focusing sheath flow was 255 ll min À1 (inlets C and D). For each test, data were recorded for 4 s at a sampling rate of 2.5 MHz and analyzed with a program written in MATLAB. All three light signals were simultaneously detected and recorded. Fig. 4 shows the simultaneously detected FSC, SSC, and FL signals over 200 ms. As shown in Fig. 4 , two distinctive groups of peaks, each with its own characteristic height, were identified in all three channels (FSC, FL, and SSC). Each group represents different sized fluorescent particles. An amplified view of a 10 ms interval is shown in the upper inset of Fig. 4 . Despite the height differences, each group of peaks shows similar profiles with a pulse width of $43 ls for the large particles and $30 ls for the smaller particles. The entire 4 s of data recorded a total number of 2738 particles (685 particles s À1 ). We also note from Fig. 4 that under the current experimental conditions, detection events are well separated, indicating a great potential to further improve the throughput of the system simply by increasing the concentration of the particles/cells.
High-efficiency PMTs (Hamamatsu 6780-20) were used in our experiments. Assuming an average linear velocity of 3.6 m/s after the side sheath fluid inlets (horizontal sheath fluid inlets) and a minimum peak-to-peak interval to be three times the peak width in order to resolve two neighboring peaks, the detection throughput of our system can be increased as high as 1 s/(3 Â 43 ls) ¼ $8000 events s À1 under current flow conditions. Moreover, with optimization of design and flow conditions (e.g., curvature design and sample-to-vertical-sheath-flow ratio), the throughput of our device could reach 8000 particles s À1 or higher.
B. Comparison between the flow cytometry chip and a conventional flow cytometer
We compared the experimental results of our device with a commercial flow cytometry device (Beckman-Coulter FC500, unit price $$100 000). We used 3D scatter plots of all detected events (FSC þ FL þ SSC) to reveal the performance of the flow cytometry device as compared to a commercial flow cytometer (Fig. 5) . It can be observed that the detection events could be grouped into two distinct regions of the scatter plots for FSC vs FL vs SSC (Fig. 5(a) ). The lower-region scatter (blue) represents particle #1, and the upper-region (red) represents particle #2. The results from the commercial flow cytometer with the same number of data points (2738 events) are included in Fig. 5(b) for comparison. For our flow cytometry device the peak count ratio is 43.5% for particle #1, 53.9% for the particle #2, and 2.52% for the "doublets" (aggregation of two or more small particles, represented by green dots). In contrast, for the commercial flow cytometry device, the peak count ratio is 44.7% for particle #1, 52.4% for particle #2, and 2.85% for the doublets. The results of our device match well with the experimental condition (1:1 mixing ratio), and the data from the commercial flow cytometer (Fig. 5(b) ) show a similar pattern to the flow cytometry chip (Fig. 5(a) ). Table I 
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Mao et al. Biomicrofluidics 6, 024113 (2012) cytometry chip. The data show that the commercial flow cytometer is still slightly better than the flow cytometry chip in terms of CV. This observation is likely due to the fluctuation of particles in the focused stream in our flow cytometry chip. The width of the focused stream is around 20 lm under current flow conditions, larger than the diameters of both small and large particles. This hypothesis is supported by the fact that for both of our flow cytometry chip and the commercial one, the larger particles (particle #2, diameter ¼ 15.5 lm) have smaller CV than the smaller particles (particle #1, diameter ¼ 7.32 lm). Nevertheless, lower CV can be achieved by optimizing the flow conditions in our flow cytometry chip to obtain a smaller focused stream, depending on the application of future usage.
V. CONCLUSIONS
In summary, we have successfully developed and tested an integrated, multi-parametric flow cytometry chip. Our device integrates "microfluidic drifting" based on-chip 3D hydrodynamic focusing with fiber-based on-chip optical detection. The flow cytometry chip can simultaneously detect FSC, SSC, and FL signals from individual particles and was able to distinguish between the two groups of particles. Our device achieved a detection throughput of 685 particles s
À1
. Its detection throughput can potentially be as high as 8000 particles s À1 under the present design in flow conditions. Compared to conventional flow cytometers, our device has significant advantages in both size and cost. With further developments, the technologies presented in this work could lead to chip-sized, low-cost flow cytometry for point-of-care clinical use. Such a flow cytometry chip will enable "decentralized" flow cytometry applications and could have a transformative impact on both fundamental biological research and clinical diagnostics. 
